Introduction
The first recorded blood pressure measurement was made in 1718 when Stephen Hales inserted a brass pipe into an artery of a horse, connected it to a glass tube and observed the rise of blood in the pipe (Hales, 1733) . Karl Vierordt found, in 1855 , that with an inflatable cuff around the arm to constrict the artery, the arterial pulse could be obliterated (Vierordt, 1855) . Etienne Jules Marey, a French physician and cinematographer, developed this idea further. In 1860 his sphygmograph could measure the pulse rate accurately, but was quite unreliable in determining blood pressure (Marey, 1878) . Landois (1872) demonstrated the pulsatile nature of blood pressure by inserting the hollow needle of a syringe into an artery of a dog while moving a paper strip across the point where the blood droplets hit the table. Von Basch (1881) developed the sphygmomanometer and Riva Rocci (1896) reported on 'Un nuovo sfigmomanometro' . The subsequent introduction of this mercury sphygmomanometer in medicine is largely due to Harvey Cushing (1903) who recognized its clinical value and forwarded the monitoring of blood pressure in patients during anaesthesia. However, by noticing the disappearance of the pulse via palpitation, only systolic blood pressure could be determined until Nikolai Korotkoff (1905) , by use of a stethoscope, found the characteristic sounds of the turbulent passage of blood made by the constriction of the artery at certain points during cuff inflation and deflation.
In the late 1970s, non-invasive blood pressure (NIBP) measurement based on oscillometry became available (Ramsey, 1979; Lui et al. 1982) as the pressure oscillations generated by arterial pulsation are transmitted to a blood pressure cuff (Movius et al. 1998) . Oscillations in pressure Lysander W. J. are measured by a transducer and fed into a microprocessor that also controls the sequence of cuff inflation and deflation. Mean arterial pressure is determined through a transducer that detects the maximum oscillation at the lowest cuff pressure. Systolic and diastolic pressures then correspond to the onset of rapidly increasing and decreasing oscillations, respectively. Alternatively, the diastolic pressure is calculated from the systolic and mean arterial pressures. With such oscillometric blood pressure devices the general tendency is to overestimate the systolic but to underestimate diastolic blood pressure compared with sphygmomanometers (Weaver et al. 1990; Whincup et al. 1992; Hasan et al. 1993) . However in subjects with stiff arteries, NIBP measurement may overestimate both the systolic and diastolic blood pressure readings (van Popele et al. 2000) .
For a continuous measure of blood pressure, cannulation of an artery was necessary until the early 1980s when two devices, the 'Finapres' and 'Portapres' were developed by Wesseling et al. (1995) based on the volume-clamp method introduced by the Czech physiologist Jan Peñáz (1973) . By doing so, continuous non-invasive measurement of arterial pressure in humans was introduced both for research purposes and for clinical medicine (Imholz et al. 1998) . This review focuses on recent developments in the methodology of finger pressure measurement and the information about arterial flow that can be obtained from it.
The volume-clamp method
Arterial pressure in the finger is measured making use of the volume-clamp method (Peñáz, 1973) . The method is based on the development of the dynamic pulsatile unloading of the finger arterial walls  Figure 1. Finger pressure The main components of the finger cuff are an inflatable air bladder, and a plethysmograph consisting of a light source (infrared light light-emitting diode) and a light detector (infrared photodiode). The air bladder is connected to the front-end unit via an air hose and both components of the infrared plethysmograph via a cuff cable. The front-end unit is connected to the main unit and pump unit in the Finometer. Imholz et al. 1998) . In this method the diameter of an artery under a cuff wrapped around the finger is kept constant (clamped) at a certain diameter, the 'set-point' , in spite of the changes in arterial pressure during each heart beat. Changes in diameter are detected by means of an infrared photo-plethysmograph built into a finger cuff (Fig. 1) . If during systole an increase is detected in arterial diameter the finger cuff pressure is immediately increased by a rapid pressure servo-controller system to prevent the diameter change. To fully collapse the finger artery requires a cuff pressure larger than the finger intra-arterial pressure. At zero transmural pressure the artery is not collapsed (unstressed arteries still have ∼ their original crosssectional area and volume) but 'unloaded' , that is, the arterial walls are held at zero transmural pressure which corresponds with their unstressed diameter Imholz et al. 1998) . As a result, finger cuff pressure equals intra-arterial pressure when the volumeclamp method is active at the proper unloaded diameter of the finger artery. Defining the correct unloaded diameter of a finger artery is not straightforward. The unloaded diameter is close to the average diameter at a pressure where the amplitude of the pulsations in the plethysmogram is largest. Changes in stress and tone of smooth muscle in the arterial wall and in haematocrit affect the unloaded diameter. Therefore, the unloaded diameter is usually not constant during a measurement and has to be verified at intervals.
An expert system (Physiocal, Finometer Medical Systems, Amsterdam) consisting of a dynamic servo setpoint adjuster is used to define and maintain the diameter at which the finger artery is clamped . The Physiocal algorithm includes the search procedure and criterion for the automated determination and periodic adjustment of the arterial unloaded volume. It explores part of the pressure-diameter relation by analysing the plethysmogram at a number of steady pressure levels, and is able to track the unloaded diameter of a finger artery even if smooth muscle tone changes. To adjust the correct unloaded diameter of the finger artery based on the signal from the finger cuff plethysmograph, cuff pressure is kept constant at regular intervals. A consequence is that the measurement of blood pressure is temporarily interrupted.
The finger pressure tracks the intra-arterial pressure even though the pressure waves may differ systematically both in shape and magnitude (Imholz et al. 1991 Bos et al. 1992 ), but such bias can, at least partly, be circumvented.
Intrabrachial to finger pulse wave transfer
In the supine position, the arterial pressure waveform varies through the arterial tree introducing augmentation of systolic pressure from the intrabrachial arterial pressure (BAP) to the finger arterial pressure (FAP) (Wilkinson et al. 2000; Kelly et al. 2001) . This is so because the transmission of the pressure pulse along the arm arteries causes distortion of the pulse waveform (Bos et al. 1995) . Such distortion is due to differences in vessel compliance and wave reflection with the pressure waveform at any point in the arterial tree being a composite of the forwarded and the reflected wave (Westerhof et al. 1972; Nichols et al. 1997; Wilkinson et al. 2000) . The consequence is an amplification of the pressure waveform with increasing systolic pressure and a dependency of amplification on frequency -and therefore heart rate -but with little, if any, influence of vascular tone (Bos et al. 1995) . In young healthy subjects FAP may overestimate the brachial systolic pressure as a consequence of pulse pressure amplification (Imholz et al. 1991 .
Furthermore, mean FAP tends to be lower than BAP as a result of a pressure gradient across the vascular tree caused by flow. This pressure gradient becomes significant because of the progressive narrowing of the arteries towards the periphery, particularly in the hand (Imholz et al. 1991) . The pressure decay related to flow in arteries is greatest for a high pulse pressure at a low mean pressure (Gizdulich et al. 1997) . Accordingly, both pulse-wave transmission and pressure gradient distort the FAP pulse waveform ) with a reduction in pulse-pressure amplification with age (Nichols et al. 1997) and in the presence of vasoactive agents (Wilkinson et al. 2001) , but an enhancement with increasing heart rate (Wilkinson et al. 2002) .
As an example, assumption of the upright posture may affect the BAP-FAP difference by the reflex increase in vascular smooth muscle tone (Iversen et al. 1995) which affects pressure transmission with amplification through wave reflection (Lee et al. 1966; Burke et al. 1977; Westerhof & O'Rourke, 1995; Bos et al. 1995; Gizdulich et al. 1997; Nichols et al. 1997; O'Rourke, 2002) . The implication is that the difference between FAP and BAP may become positive .
In the supine position the aortic-to-radial pulse pressure difference is largely due to differences in systolic pressure (Pauca et al. 1992 (Pauca et al. , 2001 Eckert & Horstkotte, 2002) . The postural reflex increase in heart rate also reduces the ejection period with amplification of the aortic-tobrachial pulse (Kroeker & Wood, 1955; Rowell et al. 1968) and increases peripheral systolic, diastolic and mean arterial pressures (Kroeker & Wood, 1956; O'Rourke, 1971; Wilkinson et al. 2000) . Consequently, the transition from the supine to the upright body position affects specifically the systolic BAP-FAP difference (Stokes et al. 1991; Jellema et al. 1996; Bos et al. 1996; Gizdulich et al. 1997; Imholz et al. 1998) .
The frequency-transfer function from BAP to FAP has a resonance of ∼8 Hz (Gizdulich et al. 1997) . The finger diastolic and mean pressures may be some 8-10 mmHg less than the brachial values. In supine humans the FAP signal can be modelled to a reconstructed BAP curve, using a general inverse anti-resonance model correcting for the difference in pressure waveforms between the BAP and the FAP signals. Reconstructed BAP waves are similar to the actual BAP in shape but not in magnitude (Bos et al. 1996) . A regression-based level correction is one approach used to restore the average BAP value (Gizdulich et al. 1997) . This waveform reconstruction improves tracking of diurnal changes in BAP by FAP (Westerhof et al. 2002) and can be performed off-line. When sympathetic vasomotor tone is increased by prolonged orthostatic stress, reconstruction of BAP from FAP accounts for the systolic bias from the supine to the upright position. In the supine position bias for systolic pressure is ∼2 mmHg and following 20 min in the head-up tilted position is ∼11 mmHg for FAP. This is reduced to 0 and 1 mmHg, respectively, for the reconstructed BAP . In contrast, the bias for the diastolic pressure is not affected by the reconstruction (Bos et al. 1996; Gizdulich et al. 1997) . The remaining offset is therefore attributed to the generalized waveform filter which is based on a population average compared to individual observations. One approach is to reference diastolic FAP against brachial auscultation measures (Shi et al. 1993) .
Further correction for the pressure gradient is based on return-to-flow measurement using an additional forearm cuff. Reconstruction of BAP from FAP, as implemented in the Finometer, reduces the pressure differences and thereby meets the American Association for the Advancement of Medical Instrumentation (AAMI) criteria (reconstructed finger pressure minus BAP: systolic, 3.7 mmHg; mean, 0.7 mmHg; diastolic, 1.0 mmHg) (Bos et al. 1996; Guelen et al. 2003; Schutte et al. 2004) . A new development -446 is the reconstruction of radial pressure based on a finger-to-radial autoregressive exogenous model (Guelen et al. 2004) .
Cardiac stroke volume from arterial pressure
Techniques that make use of dye or thermodilution (Hamilton, 1948) , rebreathing of inert gas (McGuire et al. 2001; Gabrielsen et al. 2002) , CO 2 (Farhi et al. 1976; Rogers & van der Walt, 1997) or Fick's principle (Espersen et al. 1995; Laszlo, 2004) for determination of cardiac output (Q) produce values that represent an average over several heart beats. To be detected by a standard method, changes inQ need to persist and remain constant for at least as long as the method of choice takes. This limitation renders it impossible to recognize, for example, the rapid changes taking place during the transition from the supine to the standing position. It may also be considered an advantage for clinical practice if a measure ofQ is continuous and at the same time non-invasive.
Monitoring of a continuousQ allows for the detection of rapid changes in systemic flow and conductance that would otherwise be unnoticed by the recording of arterial pressure and heart rate (Jellema et al. 2002; Leonetti et al. 2004) . Alternatively, a non-invasive and continuous tracking of changes in stroke volume (SV) can be obtained by ultrasound (Toska & Walloe, 2002; , thoracic electrical impedance (Kubiceck et al. 1966; Moore et al. 1992) or by arterial pulse-wave analysis (Jansen et al. 1990; Stok et al. 1993; Antonutto et al. 1995; Wieling et al. 1998; Stok et al. 1999) . In comparison, the application of ultrasound is somewhat limited in that either a probe has to be held over the root of the aorta under a fixed angle or a transesophageal approach has to be applied, and motion artefacts remain a problem when using electrical impedance.
In the dog, for a given aortic flow, two arterial parameters, arterial resistance and compliance are sufficient to describe the systolic and diastolic pressure (Stergiopulos & Westerhof, 1999) . However, these variables cannot explain pulse pressure suggesting that flow in itself has an important contribution (Stergiopulos & Westerhof, 1999) . The reaction of the human aorta in opposing the ejection of blood by the left ventricle is described by a three-element model of the aortic input impedance (Broemser & Ranke, 1930; McDonald & Nichols, 1973; Toorop et al. 1987; Burkhoff et al. 1988) . The mechanical properties of the aorta dominate the impedance to outflow that is presented to the left ventricle in systole, which, in turn, depends on the difference between the intra-arterial pressure and the tissue pressure exerted on the outside of the aortic and the arterial wall (i.e. the transmural pressure) (Harms et al. 1999 ).
The Modelflow method (Wesseling et al. 1993) as implemented in the Finometer computes an aortic flow waveform from either finger or intra-arterial pressure by simulating a non-linear three-element model of the aortic input impedance. Integrating the computed aortic flow waveform per beat provides left ventricular SV and consequentlyQ by multiplying SV by the instantaneous heart rate. Previously, pulse contour methods were linear and integrated the systolic area of the arterial pulse wave, sometimes with a correction for heart rate (Wesseling et al. 1974) . However, the elastic behaviour of the thoracic human aorta varies non-linearly with the changing distending pressure (Langewouters et al. 1985) which is not accounted for by the early pulse contour methods. In contrast, the cross-sectional area of the aorta included in the model, increases with aortic pressure in a non-linear manner: at lower pressures the area increases quickly, at higher pressures the increase is slower. The relation of cross-sectional area to arterial pressure is described by an arctangent equation with age and gender dependent parameters based on data derived from human aortas (Langewouters et al. 1984) . Accordingly, the model makes use of the individual age, sex, height and weight as input for the aortic area-pressure relationship to be simulated.
The major determinants of systolic inflow are the aortic characteristic impedance and arterial compliance (Westerhof et al. 1971 ) which depend on the elastic properties of the aorta. Peripheral vascular resistance, as the third element of the model, is not a major determinant of systolic inflow (Wesseling et al. 1993) and is timevarying, expressed for each heart beat as the quotient of arterial pressure and the modelled flow (Q MF ).
The aortic characteristic impedance (Z O ) relates pulsatile flow to pulsatile pressure at the entrance of the aorta. When the left ventricle contracts, blood is ejected into the aorta, but as the aorta already contains blood, the existing aortic pressure opposes the left ventricular outflow. Aortic pressure rises in response to the accelerated inflow of blood. The magnitude of the rise in aortic pressure depends on instantaneous flow, the cross-sectional aortic area and compliance. Hence, Z O represents the aortic opposition to pulsatile inflow from the contracting left ventricle and has the dimension of pressure divided by flow.
The arterial compliance (C w ) describes how much the aortic pressure rises for a certain amount of blood. When a volume of blood is expelled into the aorta, it expands elastically and its pressure rises. The increased pressure opposes further inflow to the aorta until a further rise in left ventricular pressure. A compliant aortic wall expands easily producing only a small rise in aortic pressure (Windkessel function) but compliance decreases with ageing (O'Rourke et al. 1955) . The C w represents the aortic opposition to an increase in blood volume. The dimension of compliance is a change in volume (dV ) divided by a change in pressure (dP) while peripheral vascular resistance (R p ), the ratio of mean pressure to mean flow, is a measure for the ease of constant blood drainage from the compliant aorta into the peripheral vascular beds.
Moving from the supine to the upright position, the intra-arterial pressure below the level of the heart increases in proportion to the hydrostatic height. It is unknown to what extent this rise in pressure is counterbalanced by an increased tissue pressure, and therefore it has been debated whether the orthostatic increment in intravascular pressures is translated to an increase in transmural pressure in the descending thoracic and abdominal aorta (Gauer & Thron, 1965; Rushmer, 1979; Blomqvist & Stone, 1984; Rowell, 1993) . In the upright position, the aortic transmural pressure below heart level may increase and consequently reduce its compliance. Such a reduction in aortic compliance would imply that for a given pressure, the actual volume of blood stored in the aorta becomes less than the modelled volume mimicking the impedance of the aorta in the supine position (Wesseling et al. 1993) . In comparison to a thermodilution-based estimate,Q MF as the product of SV MF and heart rate is larger in the upright body position, but only whenQ MF is based on an intraarterial reading of blood pressure (Harms et al. 1999) . Intensified cardiovascular stress induced by 1-h passive head-up tilt at 70 deg does not affect the offset ofQ MF , implying that the estimate of R p included in the model is simulated appropriately.
Continuous versus standard cardiac stroke volume
Modelflow was developed for continuous monitoring oḟ Q in the operating theatre and in the intensive care unit. The model assumes a normal human aorta and proper functioning of the aortic valve. It also uses the premise that the transmural aortic pressure is not affected, for example, by extreme pulmonary hyperinflation or increased intra-abdominal pressure. The maximal aortic diameter during ejection is the parameter included in the model that does not regress with age and its variability is considerable, explaining whyQ MF does not reflect the trueQ without calibration (Remmen et al. 2002; Van Lieshout & Karemaker, 2003; Azabji Kenfack et al. 2004) . If accurate values are required, a calibration against a standard method is needed, such as thermodilution (Harms et al. 1999; Jellema et al. 1999; Jansen et al. 2001) or the Fick principle .
A general shortcoming with respect to the validation of beat-to-beat tracking of SV is that it is based on a comparison to conventional measures of SV, such as thermodilution-based estimates or inert gas rebreathing which are obtained as averages over at least 20 heart beats (Hamilton, 1948) . For example, with thermodilutionbased determinations ofQ, the average of four injections is required to be 95% confident that the result is within 5% of the 'true'Q. The averages of two determinations need to differ by at least 7% before it is accepted that a change inQ has taken place (Nilsson et al. 2004) . In addition, the thermodilution method is based on the law of conservation of energy; that is, that there is no loss of cold between the site of injection and detection, that mixing of the indicator and blood is complete and that the induced temperature change can be discriminated accurately from the fluctuations in baseline temperature. To meet these assumptions more closely, the use of an automatic injector in combination with a closed injectate delivery system is preferable, improving consistency in injected volume and linearity of injection rate (Nelson & Houtchens, 1982) . Furthermore, conditions such as central hypovolaemia with amplification of reflex vasoconstriction introduce oscillations in the central and arterial pressures, as well as inQ, which are further augmented by respiration. This inevitably increases the scatter of thermodilution measurements while the Stewart-Hamilton equation used to calculate the area under the thermodilution curve is valid only if theQ is constant over the time the measurement is made (Hamilton, 1948; Jansen, 1995) .
A potential drawback of the rebreathing technique for validation purposes is that the requirement of a stable haemodynamic condition is not easily fulfilled as the manoeuvre itself influencesQ (Stok et al. 1999) violating the assumed steady state of both circulation and ventilation. Nevertheless, changes inQ MF followQ determined by inert gas rebreathing during static exercise in the upright position (Van Dijk et al. 2005) . From the supine to the upright position, a reduction inQ and a gravity-induced V /Q mismatch both affect end-tidal CO 2 (Gisolf et al. 2004) . Therefore, during a change in posture, Q, as determined by CO 2 rebreathing, may be biased when end-tidal CO 2 is assumed to be equal to arterial CO 2 tension (Pitt et al. 2004) .
In general, validations are limited in so far as they are based on averaging procedures in steady-state conditions and do not reflect the beat-to-beat fluctuations, which may be considerable (Toska & Eriksen, 1993) . If absolute values are required,Q MF needs a calibration against a gold standard, such as an improved thermodilution procedure using respiratory-phase controlled quadruple automated injections (Wesseling et al. 1993; Jansen et al. 2001) . Otherwise,Q MF is expressed as change from control with the same precision inQ tracking (Fig. 2) . The model accepts intra-arterial and non-invasively determined finger pressure as input. Furthermore, under the adverse circumstances of low arterial pressure, for example in circulatory shock, calibratedQ MF from radial or femoral arterial pressure tracks over a wide range oḟ Q with little error for up to 2 days without re-calibration (Jellema et al. 1999) . The methodology tracks fast changes inQ during various experimental protocols 1992; Jellema et al. 1999; Pott et al. 2003) including postural stress (Harms et al. 1999; and static (Van Dijk et al. 2005 ) and dynamic exercise (Ide et al. 1998; Sugawara et al. 2003; Tam et al. 2004) . Despite this, proper tracking ofQ from noninvasive arterial pressure requires dedicated application of the finger cuff, continuous maintenance of the finger position at heart level, and avoidance of sudden motion .
Perspective
From a teleological viewpoint,Q needs to be maintained at the lowest possible arterial perfusion pressure in order to minimize afterload and myocardial energy expenditure as illustrated during maximal exercise of the trained athlete. However in the measurement and monitoring of cardiovascular variables in patients,Q plays a subservient role to arterial pressure (Coronel et al. 2001) . Because arterial pressure is the principal cardiovascular parameter monitored by the body via the arterial baroreceptors, it may seem reasonable to focus monitoring on that variable (Van Lieshout & Wesseling, 2001 ). However, arterial pressure regulation, in contrast to, for example heart rate, does not respond to even a substantial blood loss (i.e. it is regularly maintained until a blood loss exceeds 1 l) (Secher et al. 1992; Kinsella & Tuckey, 2001) . Likewise, the usual clinical and haemodynamic parameters are not reliable indices of preload to the heart (Boulain et al. 2002; Pinsky, 2002) and an 'optimal' volume is neither defined nor is it an easily measurable entity.
Hypovolaemia may be characterized by a reduced preload to the heart, with SV becoming dependent upon the central blood volume. It may be considered that normovolaemia represents the point in the cardiac preload-output relationship at whichQ does not increase further under circumstances where venous return is unimpeded (Harms et al. 2003) . Monitoring of a continuous arterial pressure andQ is of relevance for other clinical purposes. For instance, to evaluate a patient with recurrent syncope and to understand the mechanisms involved, a continuous recording of both pressure and flow is required because the events proceed rapidly (Friedman et al. 1990; Petersen et al. 1995; Jellema et al. 1996) . This is also true for the large instantaneous fluctuations in SV during supraventricular arrhythmia and complaints of short-lasting dizziness (Fig. 3) . It should also be considered that invasive procedures themselves have the potential to induce a neurally mediated syncope, and therefore, arterial pressure should preferably be recorded non-invasively (Stevens, 1966; Benditt et al. 1996) . The least intrusive technique available that adequately monitors changes in the arterial pressure is the finger volume-clamp method (Benditt et al. 1996) .
In summary, arterial pressure, derived non-invasively and continuously from the finger, tracks -but is not equal to -the intra-arterial pressure. Cardiac output is evaluated by various techniques, each with its specific disadvantages while the absolute value remains difficult to obtain. However, monitoringQ continuously allows for the detection of rapid effects on systemic flow and conductance that may remain unnoticed in a recording of arterial pressure or heart rate. We consider application of a continuous non-invasive technique for determiningQ in human cardiovascular research useful in that beat-to-beat information on arterial flow offers important and clinically relevant information on the circulation beyond what can be detected by arterial pressure.
